Abstract -Optoacoustic (photoacoustic) endoscopy has shown potential to reveal complementary contrast to optical endoscopy methods, indicating clinical relevance. However operational parameters for accurate optoacoustic endoscopy must be specified for optimal performance. Recent support from the EU Horizon 2020 program ESOTRAC to develop a next-generation optoacoustic esophageal endoscope directs the interrogation of the optimal frequency required for accurate implementation. We simulated the frequency response of the esophagus wall and then validated the simulation results with experimental measurements of pig esophagus. Phantoms and fresh pig esophagus samples were measured using two detectors with central frequencies of 15 or 50 MHz, and the imaging performance of both detectors was compared. We analyzed the frequency bandwidth of optoacoustic signals in relation to morphological layer structures of the esophagus and found the 50 MHz detector to differentiate layer structures better than the 15 MHz detector. Furthermore, we identify the necessary detection bandwidth for visualizing esophagus morphology and selecting ultrasound transducers for future optoacoustic endoscopy of the esophagus.
Importance of Ultrawide Bandwidth for Optoacoustic Esophagus Imaging
cancer depends on the depth of the infiltration and the extent of damage to histological layers of the esophageal wall, which is not assessed by WLE [3] - [5] . Ultrasound endoscopy is a widely used clinical imaging modality in esophageal cancer staging to provide high-speed and high-resolution crosssectional imaging over a large field of view [6] . However, poor tissue contrast limits the ability of ultrasound endoscopy to identify superficial layer structures, resulting in low accuracy of earlier esophageal cancer staging [7] . Recently developed optical endoscopic imaging modalities, such as endoscopic optical coherence tomography [8] , [9] and confocal endoscopy [10] , have shown promise for improving disease detection and identifying dysplasia. Confocal endoscopy nevertheless is limited to inspecting small fields of view at a time, and it is not well suited for surveillance of the entire esophageal wall. OCT offers a better outlook for inspecting the entire organ but reveals only morphological contrast, possibly missing pathophysiological characterization of the disease. Optoacoustic endoscopy has been considered as an alternative endoscopy technique, which is administered analogously to OCT but allows visualization of hemodynamic and molecular contrast [11] - [13] . In addition, optoacoustics can penetrate deeper than OCT, possibly allowing more comprehensive staging. Optoacoustic imaging is insensitive to photon scattering within biological tissues, providing high-resolution optical visualization deeper in tissue than conventional optical imaging methods [14] , [15] . Multispectral optoacoustic methods have been widely applied to resolve vascular structures and tumor hypoxia, as well as the biodistribution of targeted photo-absorbing agents or circulating particles [16] , [17] . Optoacoustic endoscopy has been shown to resolve the superficial vascular structure of the esophageal lumen of rats and rabbits [11] , [12] , [18] , [19] . For example, the gastrointestinal tract of a rat and rabbits were imaged in-vivo using a 3.8 mm in diameter optoacoustic imaging probe comprising an integrated light guiding optical fiber, an ultrasonic detector and a mechanical rotating acoustic and optical reflector for sectorial B-scan imaging. Recent implementations of the system feature an additional size reduction to 2.5 mm to fit through the working channel of a standard colonoscope for endoscopic guidance [11] , [12] , [18] , [19] . However, imaging of human or pig esophageal lumen has not yet been investigated. The layer thickness of the mucosa and submucosa in the human esophageal wall varies from a few hundred μm to millimeters, 0278-0062 © 2017 IEEE. Personal use is permitted, but republication/redistribution requires IEEE permission.
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which is markedly greater than the thickness of rat and rabbit esophageal wall, possibly requiring different operational characteristics in terms of detected bandwidth. In our previous work, we investigated ultra-broadband optoacoustic for human skin imaging [20] , [21] . Similar to skin, blood vessels in different layers of esophageal wall range from thin capillaries with a diameter of several μm located in the lamina propria layer to larger vessels with a diameter of up to a hundred μm in deep layers [22] . Thus, the frequency content of optoacoustic signals generated in the esophagus wall is intrinsically broadband and the necessary bandwidth of optoacoustic is required to further investigate for esophageal imaging.
In this study, we interrogated the frequency bandwidth that is best suited for human esophageal imaging. This investigation relates to the selection of a transducer for developing an optoacoustic endoscope for human studies. First, we performed simulations to explore the frequency response of different layer structures in the esophagus wall. Then, we built two optoacoustic endoscopy probes based on intravascular ultrasound (IVUS) transducers with central frequencies of 15 and 50 MHz respectively to measure pig esophageal samples as the histological structure of the pig esophageal wall is similar to that of humans. Images acquired with the two transducers were analyzed to identify the frequency contributions of different layers in the esophageal wall. We summarize our findings and discuss the implications in the selection of components for esophageal optoacoustic endoscopy.
II. MATERIALS AND METHODS

A. Simulations
To understand the requirements needed for optoacoustic imaging of the esophageal wall, we simulated the optoacoustic response of absorbers in different layers of the wall. Fig. 2(a) illustrates the layers that make up the esophageal wall of humans and other large animals such as pigs: the mucosa (M) comprises epithelium (EP), lamina propria, and muscularis mucosa (MM), followed by the submucosa (SM) and muscularis propria (MP) [22] . The EP layer comprises a layer of cells, while the LP layer is rich in capillaries and lymph vessels with diameters of approximately 10-20 μm [22] . The MM layer is composed mainly of several thin layers of smooth muscle fibers, while the SM contains blood vessels and lymphatic vessels with diameters of 30-50 μm [22] . The thick MP layer comprises muscle fibers and blood vessels with diameters up to 100 μm [22] .
Simulations included the layers enriched with blood vessels (LP, SM and MP), and frequency responses were calculated assuming vessels with a diameter of 10 μm in the LP layer, diameters of 30 and 50 μm in the SM layer and 100 μm in the MP layer. Optoacoustic signal was simulated using the analytical solution of the pressure wave equation for a homogeneous spherical absorber with radius a positioned at r s [23] :
where U is the Heaviside function, R is the distance of the absorber from the detection position, p 0 is the amplitude of the initial pressure wave and v s is the speed of sound.
Four spheres with radius a = 5, 15, 25, and 50 μm were simulated. The duration of the simulated pulse correlates with the propagation time of sound along the sphere diameter, and so it scales with sphere size. Fast Fourier transformation of each simulated optoacoustic signal gave the theoretical frequency response F t (f, z), which is a function of frequency at different depth z. However, acoustic attenuation significantly reduced the high frequency acoustic signals [21] , [24] . For the endoscopy imaging configurations, the acoustic attenuation F a ( f, z) is approximated as follows [21] , [24] :
Where z 1 are the distances between the tissue surfaces to the transducer surface inside water, which approximately equal the near field length of both transducers in all experiments. z 2 are the depths of absorbers inside the soft tissue. The simulations did not take into account the amplitude attenuation in the acoustic attenuation procedure. Further information about acoustic attenuation of optoacoustic waves can be found here [21] , [24] . Besides, the bandwidth of ultrasound transducers F b ( f, z) limits the detected frequencies of optoacoustic waves, which are characterized by the phantom measurement described in the following contents. Finally, the simulated frequency F ( f, z) is described [21] , [24] :
B. Imaging System
To validate the simulation results, we performed measurements of phantoms and pig esophagus samples using two detectors with different detection bandwidths. Fig. 1(a) shows a schematic of the endoscopy control system, and Fig. 1(b) shows a photograph of the distal end of the optoacoustic endoscopy probe. One detector was a commercially available IVUS transducer (2.5-Fr, Atlantis SR Pro, Boston Scientific, Natick, MA, USA) with a central frequency of 15 MHz and a disc-shaped active element of lead zirconate titanate (PZT) with a diameter of 0.8 mm; the other was a custom-designed IVUS transducer with a central frequency of 50 MHz and a disc-shaped PZT element with a diameter of 0.4 mm. Point-source measurements indicated that the respective acceptance angles of the two detectors were 30 and 40 degrees. Figs. 1(c) and 1(d) indicate the respective simulated sensitivity fields of the two detectors, calculated using the software package Field II [25] , which indicate the near field length of both transducers. Samples are usually positioned inside the near-fields in order to enhance the detection sensitivity. The values of near field are calculated at values of 2.5 mm for the 15 MHz detector and 1 mm for the 50 MHz detector based on the simulations.
Light from a 532 nm laser (Wedge HB532, BrightSolutions SRL, Pavia, Italy) with a pulse repetition rate of 2 kHz was delivered via a 400-μm-core multimode side-viewing fiber. Pulse energy was 1 mJ, and pulse width was 0.9 ns. The laser beam was focused and coupled into the fiber through several lenses (Thorlabs), yielding an optical fluence of approximately 12 mJ/cm 2 at the fiber tip. In order to optimize optoacoustic sensitivity over a larger depth range, the side-viewing fiber was aligned such that the laser beam was tilted 15 degrees relative to the ultrasound beam. The two beams began to overlap at near fields of both transducers. The ultrasound detector was connected to a low noise amplifier (63 dB, AU-1291, Miteq, Hauppauge, New York, USA), and amplified signals passed through a hybrid rotary joint (Princetel, USA) to a high-speed digitizer operated at 1 GS/s and 12-bit resolution (CS122G1, Gage, Lockport, IL, USA; maximum sampling rate of 2 GS/s). This arrangement reduced noise generated by the rotary joint during rapid rotation. The endoscopy probe was rotated and translated using mechanical stages (Oriental Motor, Japan). Recorded signals were digitally band-pass filtered based on transducer bandwidth, and images were reconstructed using the Hilbert transform.
C. Phantom and Tissue Measurements
Bandwidth detection characteristics of the two detectors were determined by scanning a phantom consisting of an agar cylinder containing four 10 μm black polyethylene microspheres positioned at different depths within the agar. The phantom was scanned along the transversal axis. To prevent the detected optoacoustic signals from being affected by variable illumination effects, the excitation laser beam was guided through a fiber bundle and microspheres were fully illuminated. For ex vivo experiments, fresh esophageal sections 6 cm long were obtained from a 1-year-old male pig. The sections were cut open and packed into a polyethylene tube to form a cylindrical structure, as shown in Fig. 5(a) . This facilitated imaging the esophageal tissue, since on its own, the sample tended to collapse onto itself. Samples were imaged along several sections using linear or radial scanning using both transducers. Optoacoustic images obtained using the 50 MHz detector were reconstructed using data from three frequency bands (5-20, 20-50 or 50-80 MHz), which were selected using appropriate bandpass filters. The frequency bands were determined based on the simulated frequencies of the main absorbers in different layers of the esophageal wall. Our goal was to investigate the signal frequencies contributed by different layers of the esophageal wall. Fig. 2 shows the simulated optoacoustic response of an esophageal wall. Fig. 2(a) shows the layer structure with red structures representing blood vessels, which were assumed to be the only optoacoustic absorbers at the excitation wavelength of 532 nm. This simulation predicts that EP and MM layers will be visualized with lower optoacoustic contrast because of the relatively low abundance of vessels, while the LP, SM and MP layers will be visualized with high contrast. Fig. 2(b) shows variations in the simulated blood vessel diameter with increasing depth in the esophageal wall. Fig. 2(c) shows the simulated frequency response of blood vessels with different diameters. The simulation predicts that LP capillaries with an average diameter of 10 μm emit a peak frequency of approximately 150 MHz (at −6 dB), much higher than the peak frequencies of 60 MHz emitted by vessels in the SM layer and of 10-20 MHz emitted by larger vessels in the MP layer. Fig. 3 presents characterization results of the microsphere phantom as the distribution of microspheres is illustrated in Fig. 3(a). Figs. 3(b) and 3(c) show optoacoustic images of the microsphere phantom based on data collected using the 15 and 50 MHz detectors, respectively. The ultrasound beams diverge with distance from the probe. SNR values (calculated as the ratio between the highest intensity values and the standard deviation of background) along the depth direction of both transducers are depicted in Fig. 3(c) . It can be noted that the SNR values of 15 MHz detector are higher than the values of 50 MHz detector since the larger sensing size of the 15 MHz detectors results in higher sensitivity. Besides, the variations of the lateral and axial resolutions for both detectors quantified with this phantom by FWHM (full width of half maximum) values. The resolution dependencies on the distance between the target and the surface of the probe are plotted in To analyze the bandwidth detection characteristics of each detector, we performed a fast Fourier transform of the optoacoustic signals generated by the first microsphere. Fig. 4 shows the optoacoustic signal and corresponding bandwidth for each detector. Pulsewidth is at least 2-fold narrower for the 50 MHz detector comparing to the 15 MHz detector, which explains its higher axial resolution [26] . For the 15-MHz transducer, the central frequency of the spectrum lies at 15 MHz, and bandwidth at −6 dB is 8-22 MHz, corresponding to a fractional bandwidth of 93%. For the 50-MHz transducer, the central frequency lies at 47 MHz, and bandwidth is 26-69 MHz, corresponding to a fractional bandwidth of 85%.
III. RESULTS
A. Simulations
B. Phantom and Tissue Measurements
Next we used the two transducers to image ex vivo samples of pig esophagus. Fig. 5(a) shows the orientation of the sample, Fig. 2(a) . Scalebar 500 µm. which was measured along the longitudinal axis as well as in cross-section. Fig. 5(b) shows the layered structure in a longitudinal cross-section of the sample. Figs. 5(c) and 5(d) show optoacoustic images of a longitudinal section corresponding approximately to the position shown in Fig. 5(b) . Figs. 5(e) and 5(f) show optoacoustic images of a crosssection from the same sample. The 15 MHz probe achieves penetration depth over 2 mm; however, it does not resolve vessel structures in mucosa well, and it fails to resolve the EP, LP and MM layers. Vascular structures in the SM and MP layers are resolved poorly. The 50 MHz probe, in contrast, resolves vessel structures better, but at shallower depths (approximately 1.5 mm). The 50 MHz probe also resolves the layers of the mucosa better, as indicated by the blue dashed lines in Fig. 5(d) . Both transducers reveal clear separation between the mucosa and SM layer, despite the fact that the intervening MM layer comprises several thin layers of smooth muscle fibers, which are expected to show low optoacoustic contrast relative to neighboring tissue.
Finally we examined which frequency bands in the optoacoustic signal are important for reconstructing the layers of the esophageal wall. Fig. 6 shows optoacoustic image reconstruction of a cross-section of pig esophagus using different frequency bands collected using the 50 MHz detector. Fig. 6(a) shows the image reconstructed using all frequencies in the detection bandwidth. Fig. 6(b) shows the image reconstructed using 5-20 MHz; this image clearly shows the MP layer, while the mucosa and SM layer are less well resolved, and imaging depth does not extend past 1.5 mm. This image is similar to the one in Fig. 5(c) , acquired using the full detection bandwidth of the 15 MHz transducer. Fig. 6(c) shows that reconstruction using 20-50 MHz reveals detailed structure in the mucosa and SM layer at depths down to 1 mm. Fig. 6(d) shows the reconstruction using 50-80 MHz, which reveals fine structures, such as capillary dots in the LP layer and vessel edges in the SM layer, albeit to a limited penetration depth of only 600 μm. These results indicate that the layer features of the esophageal wall are visualized much better by combining all frequency bands collected by the 50-MHz transducer.
IV. DISCUSSION
This study examined what optoacoustic detection bandwidth is necessary to reconstruct the layered structure of the esophageal wall. Simulations suggested that a wide frequency band is necessary, and this was confirmed in imaging experiments with ex vivo pig esophagus. In the microsphere phantom measurement, quantitative comparisons in terms of SNR and resolution between the two detectors were investigated, and corresponding results were validated in the pig esophagus measurement. The 50 MHz detector was better than the 15 MHz detector at resolving the LP and SM layers, although the 15 MHz detector was able to image deeper. As we can see in Fig. 5 , objects in the SM layer were recovered with blurry by the 15 MHz detector because of its limited resolution, while structures were better visualized in the image of 50 MHz detector since high frequency contents corresponding to the fine structures of the SM layer were recorded. In Fig. 6 , optoacoustic signals ranging from 5 to 20 MHz corresponded mainly to gross structure in the MP layer, signals from 20-50 MHz corresponded to finer structure, especially in the LP and SM layers, and signals from 50-80 MHz corresponded to even finer features of the LP and SM layers. Small vessel structures could not be adequately imaged even when detecting the full bandwidth of the 50-MHz detector. These results suggest that ultrawide bandwidth detectors ranging from a few MHz to 100 MHz can provide reasonable resolution of esophageal layers.
Our work with phantoms and tissue samples has identified two hardware and software limitations that need to be addressed when developing optoacoustic endoscopic probes. One limitation is the apparent trade-off between the ability to resolve esophageal layers, which was better with the 50 MHz detector in our experiments, and the ability to resolve features deeper within the wall, which was better with the 15 MHz detector. Both abilities are critical for esophageal cancer staging [3] , [27] , [28] : high-resolution imaging of the esophageal wall allows detailed analysis of the mucosa and SM layer, which is important for detecting esophageal cancer in earlier stages; deeper imaging offers the possibility of detecting more advanced lesions that have invaded into the wall [4] , [29] . The development of accurate optoacoustic endoscopes will require optimizing this trade-off. A good solution may be an ultrawide bandwidth transducer covering the bandwidths of the 15 and 50 MHz detectors or an even wider bandwidth. Such transducers are commercially available, but they are too large for endoscopy applications.
The second limitation identified in our work is the finite aperture effect of the detector, which led to relatively low lateral resolution in our reconstructed images. For IVUS detectors, the lateral resolution is mainly determined by the size of the sensing area. Although it may be possible to improve this resolution using more advanced reconstruction methods, this is likely to be extremely challenging in the case of endoscopy imaging [30] . A potentially more feasible option is to use focused ultrasound detectors that can provide highresolution images at the focus [11] , [19] .
The present study makes clear that ultrawide bandwidth transducers are necessary for optoacoustic endoscopy capable of resolving the layers of the esophageal wall. It further suggests the need to strike a reasonable balance between resolution and imaging depth in order to permit accurate early staging of esophageal cancer. Since excised samples contain different absorption properties comparing to live tissue, more human esophageal samples and in vivo including health and diseased ones should be measured to further investigate the necessary optoacoustic detection properties for future esophageal imaging. Overall, the present work may help guide the design of optoacoustic endoscopes that are more accurate than ultrasound and provide more clinically useful information than confocal or OCT.
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